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Abstract: All-optical ultrasound (OpUS) is an imaging paradigm that uses light to both generate
and receive ultrasound, and has progressed from benchtop to in vivo studies in recent years,
demonstrating promise for minimally invasive surgical applications. In this work, we present a
rapid pullback imaging catheter for side-viewing B-mode ultrasound imaging within the upper
gastrointestinal tract. The device comprised an ultrasound transmitter configured to generate
ultrasound laterally from the catheter and a plano-concave microresonator for ultrasound reception.
This imaging probe was capable of generating ultrasound pressures in excess of 1 MPa with
corresponding —6 dB bandwidths > 20 MHz. This enabled imaging resolutions as low as 45 pm
and 120 pm in the axial and lateral extent respectively, with a corresponding signal-to-noise ratio
(SNR) of 42 dB. To demonstrate the potential of the device for clinical imaging, an ex vivo swine
oesophagus was imaged using the working channel of a mock endoscope for device delivery.
The full thickness of the oesophagus was resolved and several tissue layers were present in the
resulting ultrasound images. This work demonstrates the promise for OpUS to provide rapid
diagnostics and guidance alongside conventional endoscopy.
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1. Introduction

Ultrasound imaging can provide detailed visualisation of tissue for guidance and diagnostics
during minimally invasive surgery. Conventionally, piezoelectric transducers are used, which
use electricity to generate and receive the ultrasound [1,2]. However, it can be challenging to
achieve adequate reception sensitivity and wideband transmission using miniaturised piezoelectric
components [3]. Recently, an alternative technique known as all-optical ultrasound (OpUS) has
shown promise for these highly miniaturised applications.

With OpUS, light is used to both generate and receive the ultrasound signal. Ultrasound is
generated via absorption of pulsed or modulated light within a coating material. This leads to a
temperature rise and corresponding pressure change via the photoacoustic effect which propagates
as an ultrasound wave [4]. Ultrasound reflections from tissue are subsequently received using
optical interferometry [5,6]. This technique has advantages in terms of ease of miniaturisation
through the use of optical fibres, high sensitivity, broad ultrasound bandwidth and immunity
to electromagnetic interference [7,8]. Another promising feature of OpUS is the potential to
integrate other optical modalities, such as photoacoustic imaging [9] or laser ablation [10], via
additional optical fibres [7] or wavelength-selective coatings [11].

A majority of the devices demonstrated to date have utilised a forward-viewing configuration
for synthetic aperture imaging in both two- [3,12—15] and three- [7,16] dimensions. Additionally,
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there have been a small number of studies in which in vivo tissue imaging was performed with
devices suitable for minimally invasive imaging [17,18]. However, in many clinical contexts,
it is desirable to have a side-view from the device to provide the operator with a view of the
specific vessel wall, such as coronary arteries [19,20], branches of the bronchial tree [21], or the
gastrointestinal tract [22]. Previous examples using laterally-viewing OpUS include rotational
imaging of a swine carotid artery [8] and B-mode imaging of a swine aorta using a single optical
fibre device [23]. However, with these previous cases, no housing was used and the devices
would require modification to be used in a preclinical context.

In this work we overcome this limitation, designing an OpUS device with an ultrasonically
transparent sheath and a pullback system to provide a sub-second image acquisition. The
device was designed for application in the diagnosis of Barrett’s Oesophagus, which is the only
recognised precursor of oesphageal adenocarcinoma [24,25]. In this context, OpUS could be
used to provide information which is complementary to the optical endoscope imaging, without
disturbing the current workflow. For example, the diagnosis and staging of Barrett’s Oesophagus
is currently carried out via histopathology of biopsies collected under endoscopic guidance [25].
However, this methodology is at significant risk of sampling error; the likelihood of positive
identification of Barrett’s Oesophagus is shown to correlate with the number of biopsies acquired
[26,27]. The addition of OpUS imaging through this working channel might be used to provide
a ’virtual biopsy’ [13,28] of the current stage of the disorder in real-time, as well as providing
potential guidance for biopsy.

In this study, we designed an OpUS imaging probe, with lateral dimensions compatible
with standard-of-care clinical endoscope working channels. The probe was housed within an
ultrasound transparent sheath and was capable of providing 2D B-mode ultrasound images
with sub-second acquisition times. A resolution phantom was used to assess the probe and
tissue imaging was demonstrated on an ex vivo swine oesophagus through a mock endoscope.
The images acquired demonstrate the potential for this technology to provide complementary
information to standard endoscope images.

2. Materials and methods
2.1. OpUS imaging system

For this study, an OpUS imaging system was developed which comprised two elements: an
OpUS probe and an OpUS console. Each comprised several components, as detailed in the
following sections.

2.1.1. OpUS probe

OpUS Transmitter Side-viewing optical ultrasound transmitters which comprised an optical
fibre and a square glass capillary were fabricated using a multi-step process (Fig. 1(a) - (e)).
Firstly, SMA connectorized silica core/silica cladding optical fibre pigtails with a 200 um core
diameter and polyimide buffer coating (FG200LEP, Thorlabs, UK) were prepared by stripping
the buffer coating from the last 10 mm of the optical fibre (Fig. 1(a)). Subsequently, square glass
capillaries (OD: 0.5 x 0.5 mm, wall thickness: 0.1 mm, Vitrocom Hollow Square 8250 — 100,
CM Scientific, Germany) were cut to length (ca. 1 cm) using a tungsten blade. The stripped tip
of the optical fibre was inserted into the square capillary such that their distal tips were aligned
(Fig. 1(b)). The remaining space inside the capillary was filled with an optical epoxy (Norland
Optical Adhesive 1665, Edmund Optics, USA), which was cured to fix the optical fibre in place.
Subsequently, the tip of the fibre, complete with capillary casing, was polished to 45° using a
fibre polishing system (KrellTech, NJ, USA) (Fig. 1(c)). After polishing, silver mirror paint
(186-3600, RS Pro, UK) was manually applied with a brush to the polished surface and left to
dry for ca. 12 hours (Fig. 1(d)).
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Fig. 1. a) - e) OpUS transmitter fabrication process; a) stripped and cleaved optical fibre, b)
optical fibre inserted in square glass capillary, c) optical fibre and capillary polished to a 45
°angle, d) silver mirror applied to polished surface, ) OpUS-generating composite coating
applied to capillary surface. f) - g) Stereo-microscope images of lateral transmitter tip
showing polished 45°surface from f) the side-view (with scale bar) and g) the bottom view.
h) Transmitted ultrasound time-series measured at 1.5 mm. i) Corresponding ultrasound
power spectrum.

To fabricate the ultrasound generating coating, a method previously described was used [14].
Briefly, reduced graphene oxide (rGO) was dissolved in xylene and deposited on the capillary
surface opposite the silver mirror and left to dry for ca. 12 hours (Fig. 1(e)). Subsequently,
an overcoat of polydimethylsiloxane (PDMS)(MED-1000, Polymer Systems Technology, UK)
thinned with xylene was applied to the rGO surface to create a bilayer composite.

The generated ultrasound was characterised by coupling the transmitter to the OpUS console.
The excitation laser had a pulse energy of 20 uJ, corresponding to an incident fluence of 15.9
mJ/cm? on the composite coating. The generated ultrasound was measured at a distance of
1.5 mm from the coating using a 200 pm needle hydrophone (Precision Acoustics, UK) with
a calibrated range 1 — 30 MHz. The acquired time-series were Fourier transformed and the
hydrophone calibration was applied to obtain the ultrasound bandwidth. The generated ultrasound
peak-to-peak pressure level was measured as 1.12 MPa (Fig. 1(h)) at 1.5 mm from the coated
capillary face with a corresponding —6 dB bandwidth of 22 MHz (Fig. 1(i)).

OpUS Receiver The ultrasound receiver was fabricated using single-mode optical fibres with
core/cladding diameters of 8/125 um (SMF-28, Thorlabs, UK). A plano-concave microresonator
was fabricated at the distal end by dip coating into an optically transparent polymer as described
previously [16]. A dieletric mirror was applied to the fibre end prior to the polymer coating, with
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a second mirror deposited on the outer surface of the polymer. The mirror reflectivities were
nominally 98% in the range of 1500 — 1600 nm. Finally, the plano-concave microresonator was
coated in a protective layer (thickness ca. 5 um) of parylene C.

OpUS Probe Housing To facilitate medical translation, the probe was incorporated within
a medical grade catheter. Here, an ultrasonically transparent sheath was adapted from an
endobronchial guide sheath (K201 EBUS Sheath, Olympus, US). Within the probe, the ultrasound
transmitter and receiver were held together inside a protective torque coil (ID: 0.8 mm, OD: 1.2
mm) (Fig. 2(b)). The distal tips of the transmitter and receiver were aligned longitudinally such
that the receiving element extended ca. 1 mm beyond the transmitter. The two fibres were fixed
in place using sealing wax and heat shrink tubing (Fig. 2(b)). The probe was then inserted into an
ultrasonically-transparent sheath (ID: 1.4 mm, OD: 1.6 mm) (Fig. 2(b,c)) via a Y-piece connector
(Fig. 2(c)) which allowed flushing with water during experiments. A mock endoscope was
fabricated out of steel hypotubing using the same diameters as standard clinical gastrointestinal
endoscopes: a 5 mm outer diameter with a 2 mm working channel [29]. The OpUS catheter was
inserted through the working channel of the mock endoscope for imaging (Fig. 2(c)).
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Fig. 2. System for all-optical lateral ultrasound imaging through fast pullback. a) Imaging
console comprising pulsed excitation light delivered to the transmission fibre and CW light
delivered from a wavelength-tuneable laser to the receiving fibre. b) Cutaway schematic
of the fabricated side-viewing OpUS probe comprising the plano-concave microresonator
and side-viewing optical ultrasound transmitter. ¢) Schematic of the side-viewing optical
ultrasound transducer. Ultrasound transmitting fibre (orange) and omnidirectional receiver
(green) inside the probe, including OpUS probe submerged in the saline water bath and
directed at the wire phantom imaging target. d) Schematic of lateral probe encased in an
ultrasonically-transparent sheath inside the working channel of a mock endoscope inserted
into an oesophagus.
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2.1.2. Console

The console comprised optoelectronic components to both deliver pulsed excitation light to the
OpUS transmitter and interrogate the OpUS receiver (Fig. 2(a)). For ultrasound generation,
pulsed excitation light with a wavelength of 1064 nm, a pulse width of 2 ns, and a pulse energy
of 20 uJ was delivered into the ultrasound transmission fibre from a Q-switched Nd:YAG laser
(SPOT-10-500-1064, Elforlight, UK). The ultrasound receiving fibre was interrogated with
continuous-wave light delivered by a tuneable laser (Tunics T100S-HP CL, Yenista Optics,
France, tuning range: 1500 — 1630 nm, power: 4.5 mW). The continuous wave laser was
connected to the hydrophone via a circulator (Fig. 2(a)). This allowed the reflection from the
hydrophone to be monitored using a photoreceiver. The photoreceiver split the signal into a
low frequency component (<50 kHz) and high frequency component (>500 kHz) (Fig. 2(a)).
The low-frequency component was digitised at 16 bits with a sample rate of 1 MS/s and was
used to record the Fabry-Pérot (FP) transfer function and to track the optimum bias point of the
interferometer transfer function, as outlined previously [6]. The high-frequency component of
the ultrasound signals were digitised at 14 bits with a sample rate of 100 MS/s. This was the
ultrasound component originating from variations in the reflectivity of the FP cavity produced by
impinging ultrasound waves.

2.2. OpUS imaging
2.2.1. Data acquisition

The proximal end of the OpUS probe was mounted on a motorised translation stage (DDSM 100,
Thorlabs, UK, maximum speed: 500 mm/s, travel range: 100 mm) to provide pullback motion.
The probe was clamped such that the Y-joint and ultrasonically transparent sheath were held
stationary whilst the torque coil with the optical fibres fixed inside was mounted on the translation
stage (Fig. 2(c)). This enabled the OpUS probe to be pulled back within the sheath, whilst
the outer sheath remained stationary. The sheath, along with contained ultrasound probe, was
inserted into the mock endoscope and submerged in a water bath for imaging, while saline was
injected through the side-arm to provide ultrasound coupling. To acquire ultrasound images, the
probe was translated laterally at a constant velocity within the sheath with respect to the sample
surface. A-lines were acquired at a lateral spacing of 25 microns. The acquisition rate was
varied to maintain the A-line spacing depending on the translation velocity; i.e. for a velocity of
100 mm/s, a repetition rate of 4 kHz was used. Each A-line comprised 4000 data points which
corresponded to a total imaging depth of ca. 30 mm. The impact of larger A-line spacing was
investigated by removing A-lines in post-processing.

2.2.2. Image processing

Acquired A-lines were concatenated, followed by the application of a bandpass filter (Butterworth,
4™ order, 1.5 — 40 MHz). Subsequently, a cross-talk algorithm was applied to remove the
ultrasound signals transmitted directly from the generation fibre to the reception fibre, as
described previously [3]. Briefly, each scan was fitted was a general linear model of three
components: a local average obtained from 40 scans, the derivative of the local average to allow
for temporal offsets, and a constant term. The modelled cross-talk was then subtracted from the
signals.

This was followed by the application of digital time-gain compensation [17]. Parameters
imax and y were empirically designated as 650 and 2 respectively. The ultrasound image was
reconstructed using the k-Wave toolbox [30], using a k-space method based on the fast-fourier
transform. Finally, the signal envelope was found using the absolute value of the Hilbert transform
followed by a log transformation.
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2.2.3. Imaging targets

Two imaging targets were used for this study; a resolution phantom and ex vivo porcine oesophagus.
The resolution phantom was used to assess the probe capabilities in terms of axial and lateral
resolution and signal-to-noise ratio (SNR). It comprised a plastic frame strung with regularly
spaced tungsten wires (OD: 27 um). The phantom was mounted in a water bath and angled with
respect to the OpUS catheter such that the wires were positioned at increasing depths (Fig. 2(c))).

Imaging of ex vivo porcine oesophageal tissue (Medmeat, UK) was carried out to investigate the
clinical potential of the OpUS probe. The tissue was acquired frozen, and subsequently defrosted
and stored in saline for experiments. The tissue was imaged immediately after defrosting. A
10 cm section of the oesophagus was mounted in a water bath and the mock endoscope was
inserted into the lumen (Fig. 2(d)). The OpUS probe was inserted through the instrument channel
of the mock endoscope such that it extended out of the distal end into the oesophageal lumen.
The pullback protocol outlined in Section 2.2.1 was used to acquire tissue images, with the
ultrasonically transparent sheath held stationary.

3. Results

3.1. Resolution phantom

The tungsten wire phantom appeared in the reconstructed images as a series of point-spread
function (PSF)’s which were used to measure the resolution of the imaging system (Fig. 3(a)).
The full-width-at-half-maximum (FWHM) value of the resulting PSFs in the OpUS images were
used to provide values for the axial and lateral resolutions. Here, all PSF’s were visible in the
images acquired (Fig. 3(a)). The SNR at an A-line spacing of 25 um decreased with increasing
depth by ca. 1 dB/mm, from 43 dB for the closest wire (1.5 mm) to 32 dB for the furthest
(12.5 mm) (Fig. 3(d)). The A-line spacing had negligible impact on the SNR values (Fig. 3(d)).
Additionally, increasing imaging speed from 10 mm/s to 100 mm/s had negligible impact on the
SNR (Fig. 4(c)).

For an A-line spacing of 25 um, the lateral resolution worsened with increasing depth from
152 pm for the closest wire to 214 pm for the furthest (Fig. 3(c)). This relationship was replicated
in the reconstruction at larger A-line spacing, albeit with worse overall resolution (Fig. 3(c)).
The best lateral resolution for a 50 um spacing was 190 um, whilst for a spacing of 100 pm it
increased further to 236 um. This was also seen in the worst lateral resolutions for each spacing;
at a depth of 13 mm the 50 and 100 um spacing showed resolutions of 249 ym and 323 um,
respectively. Further, similar to the SNR, it was found that the pullback speed had a negligible
impact on the lateral resolution (Fig. 4(b)).

The axial resolution was consistently better than the lateral resolution. Unlike the lateral
resolution, the axial resolution was largely independent of the system parameters and remained
relatively constant at 37-43 pum, independent of the A-line spacing, pullback speed, or target
depth (Fig. 3(b), Fig. 4(a)). For example, the best axial resolution at 10 mm/s was measured to
be 37 um, while the best axial resolution at 100 mm/s was measured to be 38 um.

3.2. Oesophagheal tissue imaging

Ex vivo porcine oesophagus was imaged to investigate the clinical potential of the OpUS probe
and demonstrate its capability for gastrointestinal imaging. The full thickness of the oesophageal
wall was visible in the image, with both the inner (pink arrow) and outer surface (yellow arrow)
appearing as distinct boundaries against the background (Fig. 5). Several distinct regions were
apparent, which, on comparison with previous ultrasound images of the oesophagus, were thought
to correspond to the oesopheal mucusa (green arrow), submucosa with oesophageal glands (blue
arrow), and muscularis propria (purple arrow) [31]. The SNR was highest in the layer thought to
correspond to the submucosa, with a value of 32 dB.
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Fig. 3. a) Reconstructed OpUS image of the tungsten wire resolution phantom acquired
using a 100 mm/s fast-pullback acquisition with an A-line spacing of 25 um. b) - d) OpUS
probe performance with imaging depth for an A-line spacing of 25 um (black cross), 50 pm
(blue star) and 100 um (red cross). b) Axial resolution. c¢) Lateral resolution. d) Signal to
noise ratio (SNR).
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acquired using a pullback speed of 10 mm/s (black cross), 50 mm/s (blue star), and 100
mm/s (red cross). a) Axial resolution. b) Lateral resolution. ¢) Signal-to-noise ratio (SNR).

The acquisition speed was found to have minimal impact on the quality of the OpUS images
from a qualitative perspective (Fig. 5(a,c)). Further, the SNR was found to decrease marginally
with the increase in pullback speed, as demonstrated with the resolution phantom results. The
SNR decreased with increasing depth. For the inner oesophageal surface which is shown at the
shallowest depth (indicated with a pink arrow), the SNR was 28.7 dB for acquisition speeds of 10
mm/s and 28.2 dB for 100 mm/s. This similarity is duplicated in the intermediate layer, thought
to be the submucosa (indicated by a blue arrow), with SNR values of 30.9 dB and 30.1 dB at 10
and 100 mm/s, respectively. In comparison, the SNR measured at the outer surface (indicated
by the yellow arrow) was 19.4 dB at 100 mm/s and 16.4 dB at 10 mm/s. Additionally, despite
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the known reduction in lateral resolution associated with the increased A-line spacing, this had
minimal impact on the qualitative outcome of the oesophageal imaging (Fig. 5(a,b)). The general
oesophageal shape was preserved and subsurface details could be well visualised for all A-line
spacings.
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Fig. 5. Reconstructed OpUS image of oesophageal tissue acquired using a) - b) 10 mm/s fast
pullback reconstructed at an A-line spacing of a) 25 um and b) 100 um. c) - d) corresponding
images taken using 100 mm/s fast-pullback at an A-line spacing of ¢) 25 um and d) 100
um. Right: dB scale bar. Part a) labels showing: inner edge of tissue (pink), outer edge of
tissue (yellow), oesophageal mucosa (green), submucosa with oesophageal glands (blue)
and muscularis propria (purple).

4. Discussion and conclusion

In this study, we demonstrate a method for sub-second acquisition of OpUS images while
maintaining image resolutions and depths suitable for minimally invasive surgical applications.
The device developed comprised miniaturised components which are compatible with current
clinical endoscopes. The lateral ultrasound transmitter developed for the study exhibited peak-to-
peak pressure in excess of 1 MPa with a corresponding —6 dB bandwidth of > 20 MHz. These
are consistent with both previous high-bandwidth rtGO-PDMS OpUS devices [32] and previous
side-viewing transmitters [8].

Images acquired of a resolution phantom demonstrated axial resolutions < 40 um. This is
consistent with previous OpUS devices such as [23] or [32] who both recently reported axial
resolutions of 50 pum, or [33] who reported an axial resolution of 35 um. With commercial
miniaturised piezoelectric probes, axial resolutions of ca.100 pm have been reported with a
corresponding tissue penetration of 4 - 8§ mm [2,34]. As with conventional ultrasound imaging,
axial resolution is typically limited by the bandwidth of both the generated ultrasound and the
ultrasound receiver [35], as well as the central frequency of the ultrasound beam. Whilst the axial
resolution provided here exceeds the clinical requirements, it could be improved further. This can
be achieved by increasing the ultrasound reception bandwidth, or the bandwidth of the generated
ultrasound pulse. The received bandwidth could be improved by decreasing the thickness of
the FP cavity; however, this would create a decreased sensitivity [3]. The generated ultrasound
bandwidth is dictated by both the brevity of the excitation pulse and the thickness of the composite
coating [36]. The transmitted ultrasound bandwidth, and therefore the axial resolution, could
likely be improved by minimising the thickness of the optical absorber or adjusting the excitation
pulse duration [37]. Indeed, bandwidths of 170 MHz have been reported using a 30 picosecond
laser incident on a coating of 38 um thickness [38]. Similarly, [39] reported a bandwidth of 125
MHz using a 6 ns pulsewidth incident on a coating of 5 um thickness. Since the brevity of the
excitation pulse or the composite coating is not altered during either the change in acquisition
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step-size or the lateral pullback speed, it would be expected that the axial resolution remains
independent of the imaging parameters such as A-line spacing or pullback speed. This was
reflected in the results. The independence of the axial resolution from the A-line spacing means
that less computationally intensive datasets can be acquired without sacrificing image quality.
Additionally, it was found that the axial resolution was independent of the pullback speed, as
expected, which suggests that the pullback speed could be increased to allow for larger imaging
apertures or shorter acquisition times.

Similar to the axial resolution, good lateral resolution values was achieved in this study, with
values as low as 150 um. These values were comparable to a typical commercial ultrasound
device which can achieve lateral resolutions of 200 um depending on the bandwidth and frequency
of the device [2,34,35], as well as being comparable to previously reported OpUS transducers
[1,3,13]. Unlike the axial resolution, the lateral resolution showed dependence on various imaging
parameters. Firstly, there was an inverse relationship demonstrated between the depth and the
acquired lateral resolution. This relationship is similar to that demonstrated in previous OpUS
studies [3,15]. Lateral resolution is dependent on the frequency of the ultrasound, as well as
the divergence of the ultrasound beam and the accuracy of the A-line acquisition position when
reconstruction methods are used. Here, we assume that the probe moved in a linear fashion
with a constant velocity. However, knowledge of the probe position could be acquired through
tracking or with the use of complementary technologies such as shape sensing fibres [40], which
may improve reconstruction, particularly in the presence of motion. Further, since the image
reconstruction here relies on the premise of whole-field insonification, a wider beam divergence
will lead to a higher lateral resolution. The resolution could likely be improved by increasing the
ultrasound beam divergence, for example by changing the aperture size. Reducing the aperture
size would increase the beam divergence and therefore improve the lateral resolution if synthetic
aperture reconstruction is used. However, this may lead to a reduction in penetration depth
due to an increased fall off in pressure with depth. Alternatively, by increasing the aperture
size to improve the penetration depth, the probe size could become incompatible with a typical
endoscope. Even a marginal increase in size could introduce more friction during pullback within
the sheath which would be detrimental to the image quality.

Secondly, there is an additional inverse relationship between the lateral resolution and the
A-line spacing. Typically it is the aim to achieve the smallest possible resolution. Here, however,
it would be beneficial to be able to provide real-time image reconstruction and analysis, so the
compromise must be between the computational intensity of the acquired data and the resulting
image quality, as mentioned previously. Using this as a baseline, the A-line spacings of 25 and
50 um are both more than adequate for the purpose here. Finally, the last imaging parameter
of consideration here is the pullback speed. This work used a rapid linear pullback for image
acquisition. The use of the pullback technique resulted in drastically reduced acquisition times
than those previously reported using a raster scanning approach. It appears from the results that
the pullback speed has minimal impact on the resulting image quality (Fig. 4). This suggests
that the probe is adequately stable during the rapid acquisition. As such, images can be acquired
significantly faster without compromising on the image quality. The ability to acquire images
with a short acquisition time is important for maintaining image quality in the presence of tissue
motion, which will be explored in future work.

The maximum pullback velocity used in this study was 100 mm/s which enabled imaging over
an 5 cm aperture in 0.5 s. The translation stage used here can reach speeds of 500 mm/s. This
could be beneficial for larger imaging apertures, capable of imaging 50 cm in 1 s. The average
adult human oesophagus is approximately 40 cm in length. To this end, this faster acquisition
rate could acquire more pullback scans within the timespan of a regular endoscopy, thereby
minimising the sampling error that is present in the acquisition and pathologic interpretation of
biopsies which is currently the primary detection method of Barrett’s Oesophagus [26,27]. In this
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study, pullback speeds were limited to 100 mm/s. An increased pullback speed could still create
an A-line spacing of 25 um by utilising a higher repetition rate. However, this increased rate
would come at the expense of a higher energy deposition rate in the coating, which may lead to
heating or damage to the coating. This requires exploration in further studies if the repetition rate
is to be increased further. The results here showed that even at the highest speeds with an A-line
spacing of 50 um, the resolution is still comparable to previously reported devices [3,35,41],
even up to depths of 20 mm, which exceeds the largest thickness of the oesophagus. The results
here show that an increased A-line spacing of 50 um can be used without significant detraction of
image quality. Therefore, using a 50 um spacing combined with a 4000 Hz acquisition rate, the
maximum applicable pullback speed is 200 mm/s, meaning the acquisition of a single pullback
scan of a 100 mm aperture could be achieved in 0.5 s.

Another issue encountered at high speeds is movement in the components comprising the
device. For high speeds, the transmitter and receiver stability was reduced, leading to a reduction
in image quality. Whilst the motor can exceed the current maximum pullback speeds, speeds in
excess of 100 mm/s create friction with the device between the two elements, which causes a
reduction in the image quality. To overcome this in future studies the device fabrication method
could be modified; this could include the introduction of a custom micromachined housing to
hold the transmitter and receiver relative to one another. Alternatively, a single optical fibre could
be used for both ultrasound reception and transmission, as demonstrated in a previous study [23].
However, the pressure generated with this device was lower than achieved here and thus may
not provide the required contrast for oesophageal imaging. Further work could be carried out to
optimise this device for oesophageal imaging in future studies, allowing further miniaturisation
and device stability.

The ex vivo swine oesophageal image demonstrated clinically relevant details with the tissue
layers providing differing contrast. The full thickness of the tissue was visualised and an SNR
of 32 dB was achieved without the use of averaging. Further, tissue boundaries were observed
and demonstrated similarities to ultrasound imaging acquired in previous studies [42,43]. The
image contrast demonstrated in the wire phantom images indicates the potential for high quality
images, but this was not fully realised with the images of the oesophageal tissue. This was likely
caused by tissue degradation due to both storage and imaging conditions. In future work, the
origin of these boundaries could be verified with tissue histology or another method of ground
truth imaging. The aim of these experiments was to determine the suitability of the probe for
differentiating tissue layers in a laboratory setting; as such, tissue motion was not considered.
In future work, the probe and system will be developed further for in vivo experiments, and the
effect of tissue motion on imaging will be explored. This study was limited to healthy tissue,
but could be extended to include imaging of diseased tissue to assess the ability to differentiate
Barrett’s Oesophagus. This might be carried out on ex vivo human tissue or in an animal model.
The primary clinical aim of oesphageal imaging would be to ascertain the presence of high grade
dysplasia commonly found with the commencement of Barretts Oesophagus, which is widely
considered to be a significant precursor to oesophageal adenocarcinoma [24,25,44]. This is
found in the mucosal tissue [45], which was believed to be visualised beneath the tissue surface
(Fig. 5, green and blue arrows). The clear delineation of these layers, in conjunction with the
high resolutions achieved, indicates the clinical potential of this device.

This work represents a significant step in the surgical translation of minimally invasive OpUS
imaging. The subsecond acquisition times while maintaining competitive imaging resolutions
and high imaging depths would be beneficial for many clinical applications. Additionally, the
packaging of the probe in a clinically compatible catheter is a key step towards bringing OpUS
through medical translation. It is expected that this device will be further developed for in
vivo studies, with rigorous robustness testing and optimisation of handling for a preclinical
environment. A further area of development is the addition of complementary imaging and
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therapeutic modalities. OpUS has shown promise for multi-modal devices, with previous studies
including a combination with photoacoustic imaging [11] and optical ablation [10]. The presented
probe could be modified to incorporate a secondary modality by using a wavelength-selective
coating such as those previously presented from PDMS-AuNP [7] or PDMS-Epolight [12].
Additionally, the probe could be adapted to provide rotational ultrasound imaging similar to
those demonstrated in previous studies [8]. This could be achieved by incorporating a fibre optic
rotary junction to enable rotation of the ultrasound transmitter. Further, the transmitting fibre
could be housed in a separate torque coil to facilitate rotation along its length. The comparable
imaging parameters demonstrated by this imaging method with both other OpUS modalities such
as B-mode imaging [32] or rotational imaging [8], and conventional piezoelectric ultrasound
[34] is indicative of the potential of rapid pullback imaging in clinical application.

Funding. EPSRC-funded UCL Centre for Doctoral Training in Intelligent, Integrated Imaging in Healthcare (i4health)
(EP/S021930/1); EPSRC UKRI Innovation Fellowship Grant (EP/S001506/1); Wellcome / EPSRC Centre for Interven-
tional and Surgical Sciences (203145/Z/16/Z); Royal Academy of Engineering (RF/201819/18/125).

Acknowledgments. This research was supported by the Royal Academy of Engineering under the Research
Fellowship Scheme (RF/201819/18/125), the Wellcome/EPRSC Centre for Interventional and Surgical Sciences
(203145/Z/16/Z), the EPSRC UKRI Innovation Fellowship Grant (EP/S001506/1), and the EPSRC-funded UCL Centre
for Doctoral Training in Intelligent, Integrated Imaging in Healthcare (i4health) (EP/S021930/1).

Disclosures. RIC & AED own shares in Echopoint Medical Ltd. PCB & EZZ own shares in DeepColor SAS.

Data availability. The datasets generated during the current study are available from the corresponding author on
reasonable request.

References

1. X.Li, W. Wu, Y. Chung, W. Y. Shih, W.-H. Shih, Q. Zhou, and K. K. Shung, “80-MHz intravascular ultrasound
transducer using PMN-PT free-standing film,” IEEE Transactions on Ultrason. Ferroelectr. Freq. Control. 58(11),
2281-2288 (2011).

2. F. S. Foster, C. J. Pavlin, K. A. Harasiewicz, D. A. Christopher, and D. H. Turnbull, “Advances in ultrasound
biomicroscopy,” Ultrasound Medicine & Biol. 26(1), 1-27 (2000).

3. R.J. Colchester, E. Z. Zhang, C. A. Mosse, P. C. Beard, 1. Papakonstantinou, and A. E. Desjardins, “Broadband
miniature optical ultrasound probe for high resolution vascular tissue imaging,” Biomed. Opt. Express 6(4), 1502—1511
(2015).

4. B. Cox and P. Beard, “Fast calculation of pulsed photoacoustic fields in fluids using k-space methods,” The J. Acoust.
Soc. Am. 117(6), 3616-3627 (2005).

5. B.-Y. Hsieh, S.-L. Chen, T. Ling, L. J. Guo, and P.-C. Li, “Integrated intravascular ultrasound and photoacoustic
imaging scan head,” Opt. Lett. 35(17), 2892-2894 (2010).

6. P.C.Beard, F. Perennes, and T. N. Mills, “Transduction mechanisms of the Fabry-Perot polymer film sensing concept
for wideband ultrasound detection,” IEEE Transactions on Ultrason. Ferroelectr. Freq. Control. 46(6), 1575-1582
(1999).

7. S. Noimark, R. J. Colchester, R. K. Poduval, E. Maneas, E. J. Alles, T. Zhao, E. Z. Zhang, M. Ashworth, E. Tsolaki,
A. H. Chester, N. Latif, S. Bertazzo, A. L. David, S. Ourselin, P. C. Beard, I. P. Parkin, I. Papakonstantinou, and A. E.
Desjardins, “Polydimethylsiloxane composites for optical ultrasound generation and multimodality imaging,” Adv.
Funct. Mater. 28, 1704919 (2018).

8. R.J.Colchester, C. Little, G. Dwyer, S. Noimark, E. J. Alles, E. Z. Zhang, C. D. Loder, I. P. Parkin, I. Papakonstantinou,
P. C. Beard, M. C. Finlay, R. D. Rakhit, and A. E. Desjardins, “All-optical rotational ultrasound imaging,” Sci. Rep.
9(1), 5576 (2019).

9. D. Cui, Z. Zhang, and Y. Shi, “Optically-excited simultaneous photoacoustic and ultrasound imaging based on a
flexible gold-PDMS film,” J. Innov. Opt. Health Sci. 13(04), 2050012 (2020).

10. S. Zhang, E. Z. Zhang, P. C. Beard, A. E. Desjardins, and R. J. Colchester, “Dual-modality fibre optic probe for
simultaneous ablation and ultrasound imaging,” Commun. Eng. 1(1), 20 (2022).

11. R. J. Colchester, S. Noimark, E. Z. Zhang, P. C. Beard, and A. E. Desjardins, “Dual-modality all-optical ultrasound
and photoacoustic imaging using permanent marker ink,” in 2018 IEEE International Ultrasonics Symposium (IUS),
(IEEE, 2018), pp. 1-4.

12. 1. Lewis-Thompson, S. Zhang, S. Noimark, A. E. Desjardins, and R. J. Colchester, “PDMS composites with
photostable NIR dyes for multi-modal ultrasound imaging,” MRS Adv. 7(23-24), 499-503 (2022).

13. E. Biagi, S. Cerbai, L. Masotti, L. Belsito, A. Roncaglia, G. Masetti, and N. Speciale, “MOMS technology for fully
fiber optic ultrasonic probes: a proposal for virtual biopsy,” in Sensors, (IEEE, 2010), pp. 1156-1160.

14. R. J. Colchester, E. J. Alles, and A. E. Desjardins, “A directional fibre optic ultrasound transmitter based on a reduced
graphene oxide and polydimethylsiloxane composite,” Appl. Phys. Lett. 114(11), 113505 (2019).


https://doi.org/10.1109/TUFFC.2011.2085
https://doi.org/10.1016/S0301-5629(99)00096-4
https://doi.org/10.1364/BOE.6.001502
https://doi.org/10.1121/1.1920227
https://doi.org/10.1121/1.1920227
https://doi.org/10.1364/OL.35.002892
https://doi.org/10.1109/58.808883
https://doi.org/10.1002/adfm.201704919
https://doi.org/10.1002/adfm.201704919
https://doi.org/10.1038/s41598-019-41970-z
https://doi.org/10.1142/S1793545820500121
https://doi.org/10.1038/s44172-022-00020-9
https://doi.org/10.1557/s43580-022-00208-3
https://doi.org/10.1063/1.5089750

Vol. 14, No. 8/1 Aug 2023/ Biomedical Optics Express 4063 |

Biomedical Optics EXPRESS -~

15. S. Bodian, E. Aytac-Kipergil, S. Zhang, I. Lewis-Thompson, S. Sathasivam, S. J. Mathews, E. J. Alles, E. Z. Zhang,
P. C. Beard, R. J. Gordon, P. Collier, I. P. Parkin, A. E. Desjardins, R. J. Colchester, and S. Noimark, “Comparison of
fabrication methods for fiber-optic ultrasound transmitters using candle-soot nanoparticles,” Adv. Mater. Interfaces
10(9), 2201792 (2023).

16. J. A. Guggenheim, J. Li, T. J. Allen, R. J. Colchester, S. Noimark, O. Ogunlade, I. P. Parkin, I. Papakonstantinou, A.
E. Desjardins, E. Z. Zhang, and P. C. Beard, “Ultrasensitive plano-concave optical microresonators for ultrasound
sensing,” Nat. Photonics 11(11), 714-719 (2017).

17. M. C. Finlay, C. A. Mosse, R. J. Colchester, S. Noimark, E. Z. Zhang, S. Ourselin, P. C. Beard, R. J. Schilling, I.
P. Parkin, I. Papakonstantinou, and A. E. Desjardins, “Through-needle all-optical ultrasound imaging in vivo: a
preclinical swine study,” Light. Sci. Appl. 6(12), 17103 (2017).

18. E. J. Alles, E. C. Mackle, S. Noimark, E. Z. Zhang, P. C. Beard, and A. E. Desjardins, “Freehand and video-rate
all-optical ultrasound imaging,” Ultrasonics 116, 106514 (2021).

19. M. Ono, H. Kawashima, H. Hara, C. Gao, R. Wang, N. Kogame, K. Takahashi, P. Chichareon, R. Modolo, M.
Tomaniak, J. J. Wykrzykowska, J. J. Piek, I. Mori, B. K. Courtney, W. Wijns, F. Sharif, C. Bourantas, Y. Onuma, and
P. W. Serruys, “Advances in IVUS/OCT and future clinical perspective of novel hybrid catheter system in coronary
imaging,” Front. Cardiovasc. Medicine 7, 119 (2020).

20. M. Elliott and A. Thrush, “Measurement of resolution in intravascular ultrasound images,” Physiol. Meas. 17(4),
003259 (1996).

21. D. Anantham, M. S. Koh, and A. Ernst, “Endobronchial ultrasound,” Respir. Medicine 103(10), 1406—1414 (2009).

22. M. A. Kara, M. E. Smits, W. D. Rosmolen, A. C. Bultje, F. J. Ten Kate, P. Fockens, G. N. Tytgat, and J. J. Bergman,
“A randomized crossover study comparing light-induced fluorescence endoscopy with standard videoendoscopy for
the detection of early neoplasia in Barrett’s Oesophagus,” Gastrointest. Endosc. 61(6), 671-678 (2005).

23. R. J. Colchester, E. Z. Zhang, P. C. Beard, and A. E. Desjardins, “High-resolution sub-millimetre diameter side-
viewing all-optical ultrasound transducer based on a single dual-clad optical fibre,” Biomed. Opt. Express 13(7),
4047-4057 (2022).

24. D. K. Rex, O. W. Cummings, M. Shaw, M. D. Cumings, R. K. Wong, R. S. Vasudeva, D. Dunne, E. Y. Rahmani, and D.
J. Helper, “Screening for Barrett’s Oesophagus in colonoscopy patients with and without heartburn,” Gastroenterology
125(6), 1670-1677 (2003).

25. B. V. Naini, R. F. Souza, and R. D. Odze, “Barrett’s Oesophagus: a comprehensive and contemporary review for
pathologists,” The Am. J. Surg. Pathol. 40(5), e45-e66 (2016).

26. R. Harrison, 1. Perry, W. Haddadin, S. McDonald, R. Bryan, K. Abrams, R. Sampliner, N. J. Talley, P. Moayyedi, and
J. A. Jankowski, “Detection of intestinal metaplasia in Barrett’s Oesophagus: an observational comparator study
suggests the need for a minimum of eight biopsies,” Off. J. Am. Coll. Gastroenterol. ACG 102(6), 1154-1161 (2007).

27. P. A. Gatenby, J. R. Ramus, C. P. Caygill, N. A. Shepherd, and A. Watson, “Relevance of the detection of intestinal
metaplasia in non-dysplastic columnar-lined oesophagus,” Scand. J. Gastroenterol. 43(5), 524-530 (2008).

28. E. Vannacci, L. Belsito, F. Mancarella, M. Ferri, G. Veronese, A. Roncaglia, and E. Biagi, “Miniaturized fiber-optic
ultrasound probes for endoscopic tissue analysis by micro-opto-mechanical technology,” Biomed. Microdevices
16(3), 415-426 (2014).

29. M. Kay and R. Wyllie, “Esophagogastroduodenoscopy and related techniques,” in Pediatric Gastrointestinal and
Liver Disease, (Elsevier, 2011), pp. 626—-649.

30. B. E. Treeby and B. T. Cox, “k-wave: MATLAB toolbox for the simulation and reconstruction of photoacoustic wave
fields,” J. Biomed. Opt. 15(2), 021314 (2010).

31. B. A. Standish, K. K. Lee, A. Mariampillai, N. R. Munce, M. K. Leung, V. X. Yang, and I. A. Vitkin, “In vivo
endoscopic multi-beam optical coherence tomography,” Phys. Med. Biol. 55(3), 615-622 (2010).

32. I. Lewis-Thompson, S. Mathews, E. Zhang, P. Beard, A. Desjardins, and R. Colchester, “PDMS composites with
photostable NIR dyes for b-mode ultrasound imaging,” in 2022 IEEE International Ultrasonics Symposium (IUS),
(IEEE, 2022), pp. 1-5.

33. C. Sheaff and S. Ashkenazi, “Characterization of an improved polyimide-etalon all-optical transducer for high-
resolution ultrasound imaging,” IEEE Transactions on Ultrason. Ferroelectr. Freq. Control. 61(7), 1223-1232
(2014).

34. C. Peng, H. Wu, S. Kim, X. Dai, and X. Jiang, “Recent advances in transducers for intravascular ultrasound (IVUS)
imaging,” Sensors 21(10), 3540 (2021).

35. A. Ng and J. Swanevelder, “Resolution in ultrasound imaging,” Continuing Educ. Anaesth. Critical Care & Pain
11(5), 186-192 (2011).

36. S. Bodian, R. J. Colchester, T. J. Macdonald, F. Ambroz, M. Briceno de Gutierrez, S. J. Mathews, Y. M. M.
Fong, E. Maneas, K. A. Welsby, R. J. Gordon, P. Collier, E. Z. Zhang, P. C. Beard, I. P. Parkin, A. E. Desjardins,
and S. Noimark, “CulnS2 quantum dot and polydimethylsiloxane nanocomposites for all-optical ultrasound and
photoacoustic imaging,” Adv. Mater. Interfaces 8, 2100518 (2021).

37. E.J. Alles, R. J. Colchester, and A. E. Desjardins, “Adaptive light modulation for improved resolution and efficiency
in all-optical pulse-echo ultrasound,” IEEE Transactions on Ultrason. Ferroelectr. Freq. Control. 63(1), 83-90 (2016).

38. A. D. Silva, C. A. Henriques, D. V. Malva, M. J. Calvete, M. M. Pereira, C. Serpa, and L. G. Arnaut, “Photoacoustic
generation of intense and broadband ultrasound pulses with functionalized carbon nanotubes,” Nanoscale 12(40),
20831-20839 (2020).



https://doi.org/10.1002/admi.202201792
https://doi.org/10.1038/s41566-017-0027-x
https://doi.org/10.1038/lsa.2017.103
https://doi.org/10.1016/j.ultras.2021.106514
https://doi.org/10.3389/fcvm.2020.00119
https://doi.org/10.1088/0967-3334/17/4/003
https://doi.org/10.1016/j.rmed.2009.04.010
https://doi.org/10.1016/S0016-5107(04)02777-4
https://doi.org/10.1364/BOE.459486
https://doi.org/10.1053/j.gastro.2003.09.030
https://doi.org/10.1097/PAS.0000000000000598
https://doi.org/10.1111/j.1572-0241.2007.01230.x
https://doi.org/10.1080/00365520701879831
https://doi.org/10.1007/s10544-014-9844-6
https://doi.org/10.1117/1.3360308
https://doi.org/10.1088/0031-9155/55/3/004
https://doi.org/10.1109/TUFFC.2014.3021
https://doi.org/10.3390/s21103540
https://doi.org/10.1093/bjaceaccp/mkr030
https://doi.org/10.1002/admi.202100518
https://doi.org/10.1109/TUFFC.2015.2497465
https://doi.org/10.1039/D0NR04986G

Vol. 14, No. 8/1 Aug 2023/ Biomedical Optics Express 4064 |
Biomedical Optics EXPRESS -~

39. C. Serpa, D. A. Pereira, T. Pinto, A. D. Silva, and L. G. Arnaut, “Generation and applications of broadband
high-frequency laser ultrasound with nanostructured materials,” Proc. SPIE 11960, 1196015 (2022).

40. I Floris, J. M. Adam, P. A. Calderdn, and S. Sales, “Fiber optic shape sensors: A comprehensive review,” Opt. Lasers
Eng. 139, 106508 (2021).

41. G. Li, Z. Guo, and S.-L. Chen, “Miniature all-optical probe for large synthetic aperture photoacoustic-ultrasound
imaging,” Opt. Express 25(21), 25023-25035 (2017).

42. S. Yoshinaga, I. Oda, S. Nonaka, R. Kushima, and Y. Saito, “Endoscopic ultrasound using ultrasound probes for the
diagnosis of early esophageal and gastric cancers,” World J. Gastrointest. Endosc. 4(6), 218 (2012).

43. M. Kimmey, R. Martin, R. Haggitt, K. Wang, D. Franklin, and F. Silverstein, “Histologic correlates of gastrointestinal
ultrasound images,” Gastroenterology 96, 433—-441 (1989).

44. L. Lekakos, N. P. Karidis, D. Dimitroulis, C. Tsigris, G. Kouraklis, and N. Nikiteas, “Barrett’s Oesophagus with
high-grade dysplasia: focus on current treatment options,” World J. Gastroenterol. 17(37), 4174 (2011).

45. A. Joseph, S. Raja, S. Kamath, S. Jang, D. Allende, M. McNamara, G. Videtic, S. Murthy, and A. Bhatt, “Esophageal
adenocarcinoma: A dire need for early detection and treatment,” Clevel. Clin. J. Medicine 89(5), 269-279 (2022).



https://doi.org/10.1117/12.2609744
https://doi.org/10.1016/j.optlaseng.2020.106508
https://doi.org/10.1016/j.optlaseng.2020.106508
https://doi.org/10.1364/OE.25.025023
https://doi.org/10.4253/wjge.v4.i6.218
https://doi.org/10.1016/0016-5085(89)91568-0
https://doi.org/10.3748/wjg.v17.i37.4174
https://doi.org/10.3949/ccjm.89a.21053

